INTRODUCTION
============

Microfluidics has become a cornerstone platform technology for testing and production of microscale droplets, particles, and fibers as well as encapsulation of food, drugs, and cells ([@R1]--[@R4]). This versatility originates from the use of microfluidic chips, which combine fully predictable flow behavior with in-line liquid manipulation and monitoring ([@R5], [@R6]). As a typical example, a coaxial chip geometry is shown in [Fig. 1A](#F1){ref-type="fig"}. Here, liquid is ejected from the inner channel and pulled off by an outer coflowing liquid, resulting in a monodisperse train of droplets. Alternative designs and more advanced chips have been used for the production of microdroplets, microparticles, and microfibers with a wide variety of sizes, shapes, and compositions ([@R7]--[@R10]). However, despite their success regarding laboratory-scale analysis and production, conventional microfluidic chips have intrinsic limitations that hamper translation of successful concepts into clinical, pharmaceutical, or industrial products ([@R11]--[@R13]). First, microfluidic droplet generators are typically operated at a per-nozzle throughput of 1 to 10 μl/min because of a transition from monodisperse dripping to polydisperse jetting for higher flow rates ([@R14]). Second, the design, fabrication, and operation of microfluidic devices require advanced skills and specialized equipment, which are not always compatible with existing production processes or environments outside the laboratory ([@R6], [@R15]). Third, microfluidic chips can only be operated with at least one nonsolidifying flow, which is required to separate droplets, particles, or fibers from each other and the channel walls ([@R3]). Removing this coflow (for example, oil) is nontrivial, which limits clinical translation and implies that the output of chips is limited to particles in solution (that is, emulsions and suspensions), whereas stacking of particles into solid three-dimensional (3D) constructs could enable printing of modular materials in one step. An off-chip approach would eliminate all these wall-induced limitations and therefore unlock new applications of microfluidics.

![Concept of IAMF and guide to the article.\
(**A**) Chip-based microfluidics enables in-line control over droplets and particles, making it a versatile platform technology. A chip design where droplets (blue) are transported by a coflow (pink) is shown. (**B**) IAMF maintains the in-line control of chip-based microfluidics but relies on jet ejection and coalescence into air. Therefore, a wide range of droplets and particles can be produced at flow rates typically two orders of magnitude higher than with chip-based microfluidics. When combining reactive, solidifying microjets, IAMF also enables on-the-fly production and direct deposition of microparticles into 3D multiscale modular (bio)materials.](aao1175-F1){#F1}

Here, we present in-air microfluidics (IAMF), a new chip-free platform technology that enables in-flight (that is, on-the-fly) formation of droplets, fibers, and particles and their one-step deposition into 3D constructs with a modular internal architecture. In concept, microfluidic channels are replaced by micrometer-sized liquid jets that are combined in the air, as shown in [Fig. 1B](#F1){ref-type="fig"}. This approach retains the on-the-fly processing capacity of chip-based microfluidics but enables orders of magnitude higher throughput. In this work, we (i) discuss the physical principles that underlie IAMF; (ii) leverage surface tension--driven encapsulation to achieve in-air liquid-liquid encapsulation; (iii) exploit these mechanisms to realize a library of droplets, particles, and fibers with distinct shapes, compositions, and sizes; and (iv) demonstrate that these in-air formed particles can be used as cytocompatible "building blocks" for the one-step printing of larger 3D (bio)materials with various modular architectures. Finally, we discuss IAMF in relation to other technologies, as well as potential directions for future work.

RESULTS
=======

Physical principles of IAMF
---------------------------

In IAMF, liquid microjets are manipulated and combined in the air, as shown in [Fig. 2A](#F2){ref-type="fig"} for the "drop-jet" mode (the setup is depicted in fig. S1). Droplets are generated by breakup of the liquid jet ejected from nozzle 1. These droplets are monodisperse, as achieved by mounting the nozzle onto a vibrating piezoelectric element (section S1 and fig. S2). The droplet train impacts onto an intact liquid jet that is ejected from nozzle 2, resulting in a compound monodisperse droplet train flowing downward. While flying in the air, the compounds react chemically or physically to form encapsulated droplets, particles, or, if the setup is operated in "jet-jet" mode ([Fig. 2B](#F2){ref-type="fig"}), fibers.

![Physical principles of IAMF.\
(**A**) High-speed photograph of IAMF operated in "drop-jet" mode. Here, a droplet train is ejected from actuated nozzle 1 and collides with a jet that is ejected from nozzle 2. (**B**) IAMF operated in "jet-jet" mode, as used for spinning fibers. (**C**) Schematic representation of in-air impact, encapsulation, and solidification mechanisms. Different surface tensions (σ~1~ \> σ~2~) result in Marangoni-driven encapsulation of the droplet. (**D** and **E**) High-speed photographs of the "drop-jet" mode, in which (D) the droplets and (E) the jet are selectively labeled with a fluorescent dye. The droplets maintain a spherical shape during impact and encapsulation, whereas the jet spreads around the droplet within a few diameters of travel. (**F** and **G**) Alginate microparticles produced (F) without and (G) with Marangoni-driven encapsulation. (**H**) Phase diagram of particle shape as a function of surface tension gradient Δσ and the nozzle diameter *D*~1~ = *D*~2~. Symbols indicate spherical (o) or irregular (□) particles. The solid line refers to a basic model for the transition between these shape regimes. Scale bars, 1 mm (black) and 0.4 mm (white).](aao1175-F2){#F2}

The key physical mechanisms of IAMF are in-air impact, encapsulation, and solidification. First, as sketched in [Fig. 2C](#F2){ref-type="fig"}, a droplet impacts onto a jet. Impact must result in coalescence, whereas droplet bouncing, stretching, or splashing must be prevented ([@R16]). Furthermore, maintaining the production of spherical particles is promoted if the droplet remains spherical during impact. Both these conditions are met if capillary forces dominate inertia, that is, for impact Weber numbers We~impact~ = ρ~1~*D*~D~*V*~impact~^2^/σ~1~ ≲ 3, where ρ~1~, σ~1~, and *D*~D~ are the droplet density, surface tension, and diameter, respectively ([@R16], [@R17]). The impact velocity *V*~impact~ = *V*~1~sinθ depends on the impact angle θ and the ejection velocity *V*~1~ of jet 1. Because a significant ejection velocity is required for jet formation (see fig. S2, A to C), a small impact angle θ = 25 ± 5° was chosen to ensure a low impact Weber number. [Figure 2D](#F2){ref-type="fig"}, where the droplet train is selectively labeled with a fluorescent dye, shows that the deformation of the droplets is limited during in-air impact. For We~impact~ ≲ 1, the coalescence of the droplets occurs at an inertial-capillary time scale τ~cap~= (ρ~1~*D*~1~^3^/σ~1~)^1/2^ ([@R18]).

The crucial trick that prevents the droplets ejected from nozzle 1 from merging during flight is to ensure their encapsulation by the intact jet. To drive this in-air encapsulation, the surface tension of the encapsulating (jet) liquid was reduced with respect to that of the droplet by adding ethanol. As discussed below, a surface tension difference Δσ \> 10 mN/m (corresponding to adding 1% ethanol) was sufficient to achieve encapsulation. As a result, a Marangoni flow (that is, driven by surface tension gradients) pulls a thin film of the low surface tension liquid around the high surface tension liquid, as depicted in [Fig. 2C](#F2){ref-type="fig"}. This mechanism allows encapsulation by both miscible ([@R19]) and immiscible ([@R20], [@R21]) liquids while limiting droplet deformations. The distance covered by the outer droplet is described by *L*(*t*) = \[Δσ^2^*t*^3^/(ρ~1~μ~1~)\]^1/4^ ([@R22]). Assuming encapsulation when *L*(*t*) = *D*~D~, this relationship provides an encapsulation time scale of τ~e~ \~ \[ρ~1~μ~1~*D*~D~^4^/Δσ^2^\]^1/3^. For our experimental conditions, τ~e~ is comparable to the impact time scale τ~cap~. Therefore, both impact and encapsulation are completed in the air before collection or deposition, which happens typically \~100 ms after in-air impact. The robustness of in-air droplet formation for different liquid pairs is shown in fig. S2 (D to I).

Finally, the droplets could be solidified by combining two reactive liquids. To demonstrate this concept, we produced alginate-containing droplets that were solidified via fast (that is, in-air) ionotropic cross-linking by divalent Ca^2+^ ions, which were added to the jet. By introducing a surface tension gradient Δσ, the particle shape could be tuned from irregular (Δσ = 0 mN/m; [Fig. 2F](#F2){ref-type="fig"}) to spherical (Δσ = 20 mN/m; [Fig. 2G](#F2){ref-type="fig"}). This indicated the consecutive occurrence of surface tension--driven encapsulation and solidification of the droplets. The particles in [Fig. 2](#F2){ref-type="fig"} (F and G) all had the same volume, but the nonspherical particles appeared larger because the volume was contained by a bag-like shape. [Figure 2H](#F2){ref-type="fig"} shows the particle shape as a function of the surface tension gradient and the nozzle size. The regime transition from irregular to spherical particles was observed for Δσ ≈ 5 mN/m, corresponding to adding a minimum amount of 0.3% ethanol.

It is surprising that the particle shape can be controlled by combining surface tension--driven encapsulation and solidification because even a thin solid front could potentially inhibit the Marangoni flow. To provide a first rationalization of mechanism, we hypothesize that encapsulation is achieved if the surface tension gradient exceeds the strength of the solidifying film. The thickness of this film is estimated as δ~s~ = (*D*~S~τ~e~)^1/2^, where *D*~S~ ≈ 10^−9^ m^2^ s^−1^ is the diffusion constant of CaCl~2~ into the gel ([@R23]). The strength of the film is estimated as σ~f~δ~s~, where σ~f~ ≈ 10^4^ Pa is the fracture stress of a 0.5% alginate gel ([@R24]). By equating σ~f~δ~s~ = Δσ and solving for Δσ, one obtains the solid line in [Fig. 2H](#F2){ref-type="fig"}. For the measured parameter regime, the expected film strength lies between 2 and 5 mN/m, which is close to the experimental threshold Δσ ≈ 5 mN/m. However, the predicted dependence on the diameter is not observed, possibly because the time-dependent viscosity gradients are ignored in our simplified model.

Engineering droplets, particles, and fibers
-------------------------------------------

[Figure 3](#F3){ref-type="fig"} shows droplets, particles, and fibers as produced by tuning the control parameters of IAMF. First, different material compositions were examined while operating the setup in drop-jet mode ([Fig. 3A](#F3){ref-type="fig"} and table S1). Coalescing water droplets onto a surfactant-containing fluorocarbon oil jet (with Δσ = 50 ± 5 mN/m) readily enabled the production of monodisperse water-in-oil (w/o) emulsions, as shown in [Fig. 3B](#F3){ref-type="fig"}. Moreover, collecting these w/o droplets in surfactant-containing water resulted in w/o/w double emulsions ([Fig. 3C](#F3){ref-type="fig"}). IAMF also enabled oil-free production of monodisperse solid particles such as alginate microspheres, as shown in [Fig. 3D](#F3){ref-type="fig"}. Alternatively, liquid-filled microcapsules were produced by coalescing CaCl~2~ droplets onto an alginate jet with reduced surface tension, as shown in [Fig. 3E](#F3){ref-type="fig"} and fig. S3A. Solid-filled capsules were made by adding an in situ cross-linkable dextran-tyramine--based hydrogel precursor to the droplets and its cross-linker to the intact jet, as shown in [Fig. 3F](#F3){ref-type="fig"}. IAMF is also compatible with slower (that is, not in-air) solidifying materials by leveraging alginate as a structural template (fig. S4) ([@R25]).

![IAMF enables high-throughput production of monodisperse microemulsions and microsuspensions with various compositions, sizes, and shapes.\
Schematic diagrams (left) indicate the relevant control parameters. (**A** to **F**) IAMF operated in "drop-jet" mode enabled the production of monodisperse (B) w/o emulsions, (C) double emulsions, (D) spherical particle suspensions, and (E) single-material and (F) multimaterial core-shell particles. alg, alginate; dex, dextran; TA, tyramine. (**G** to **K**) Tuning the microparticle size. (H to J) Particles produced using nozzle diameters of 20, 100, and 250 μm, respectively. (K) Probability *P* of the particle size as a function of nozzle diameter (indicated per curve) and actuation frequency. Colors from black to pale blue indicate increasing actuation frequencies of 2.3, 3.5, 4, 4.5, 5, 6, 7, and 8 kHz. (**L** to **N**) Elongated particles were made by increasing the relative jet velocity. (**O**) IAMF operated in "jet-jet" mode enabled the production of (**P**) straight and (**Q**) pearl-lace morphologies. (**R**) Throughput as a function of nozzle diameter for IAMF and chip-based droplet microfluidics (MF). The maximum per-nozzle throughput of monodispersed droplet production using chip-based microfluidics is limited by Ca = 0.1 and We = 1. The production throughput window of IAMF is determined by We~ej~ = 1 (that is, minimum) and We~g~ = 0.2 (that is, maximum). Green circles are data points obtained using our IAMF setup. Red squares are data points obtained from previously reported studies on droplet microfluidics ([@R2], [@R44]--[@R52]). Droplet production frequencies are indicated with gray dashed lines. Scale bars, 200 μm (unless otherwise indicated).](aao1175-F3){#F3}

The droplet or particle sizes could be tuned by more than an order of magnitude by varying the nozzle diameter and actuation frequency ([Fig. 3G](#F3){ref-type="fig"}). As shown in [Fig. 3](#F3){ref-type="fig"} (H to K), monodisperse alginate microgels with diameters ranging from 20 μm (at 0.2 ml/min) to 300 μm (at 6.5 ml/min) were produced by using nozzles with different diameters (overview photos are shown in fig. S3, B and C). The droplet or particle diameter could be fine-tuned by altering the actuation frequency *f*, as shown in [Fig. 3K](#F3){ref-type="fig"}. The probability density function (*P*) of the particle size revealed monodisperse particles with a coefficient of variation of \<5% (the SD divided by the mean), as plotted in [Fig. 3K](#F3){ref-type="fig"} and fig. S5.

The particle shape was controlled by altering the velocity ratio between the jets, as shown in [Fig. 3](#F3){ref-type="fig"} (L to N). Increasing the velocity of the intact jet while maintaining the velocity of the droplets resulted in the formation of elongated particles, as shown in [Fig. 3](#F3){ref-type="fig"} (M and N) (details are provided in section S1 and fig. S6). Microfibers were produced by operating the same setup in the jet-jet mode ([Fig. 3O](#F3){ref-type="fig"}), as enabled by simply moving the nozzles closer to each other. First, fibers of homogeneous thickness were produced as shown in [Fig. 3P](#F3){ref-type="fig"}, where the cross-linker solution impacts with the gel precursor solution close to nozzle 1. With nozzle actuation turned on while moving the jet's impact location closer to the breakup point (that is, *L* → *L*~B~), we could produce fibers with periodic thickenings (that is, "beaded fibers"), as shown in [Fig. 3Q](#F3){ref-type="fig"} and fig. S3 (D to F).

The diameter and throughput of IAMF-based droplet and particle generation are compared to conventional chip-based droplet microfluidics in [Fig. 3R](#F3){ref-type="fig"}. Because IAMF is based on jetting, the lower flow rate of IAMF is bounded by the ejection Weber number We~ej~ = ρ~1~*V*~1~^2^*D*~1~/σ~1~ \> 1 (fig. S2). The upper production rate of IAMF is presumably limited by wind-induced breakup of the jet or droplet train, which occurs for gas Weber numbers We~g~ = ρ~g~/ρWe~ej~ \> 0.2, where ρ~g~ is the density of the gas ([@R26]). In contrast, the production of monodisperse droplets using microfluidic chips requires operation within the squeezing or dripping regime, which is bound by We~ej~ ≲ 1 and capillary numbers Ca = μ~c~*V*~c~/σ ≲ 0.1, where μ~c~ and *V*~c~ denote the outer phase's viscosity and velocity, respectively, and σ denotes the interfacial tension between the liquids ([@R14]). These constraints imply that IAMF is intrinsically faster than chip-based droplet microfluidics. The production rates of IAMF are compared with existing conventional microfluidic droplet generators confirmed in [Fig. 3R](#F3){ref-type="fig"}, revealing that IAMF is typically 100 times faster than chip-based droplet microfluidics. Hence, a single IAMF nozzle is able to produce droplets at similar production rate as compared to an up-scaled microfluidic chip consisting of 364 parallelized droplet generators ([@R27]). In section S3, we concisely compare IAMF to alternative droplet and particle production platforms.

Additive manufacturing of modular (bio)materials
------------------------------------------------

Through direct deposition of in-air formed particles or capsules onto a substrate, IAMF enables printing of 3D multiscale modular materials in one step. To validate this approach, an alginate jet with reduced surface tension was impacted onto CaCl~2~-containing droplets, resulting in a stream of shape-stable core-shell alginate particles, as shown in [Fig. 3](#F3){ref-type="fig"} (E and F). Upon deposition onto a substrate, these soft particles stick to the construct without entraining any visible air bubbles and provide sufficient structural support for 3D freeforms ([Fig. 4A](#F4){ref-type="fig"}). As an example, we created a hollow hydrogel cylinder by the directed deposition of such core-shell particles onto a rotating substrate ([Fig. 4B](#F4){ref-type="fig"} and movie S1). The microscale architecture of the modular freeform could be altered by tuning the microparticle composition. For example, single-material core-shell particles formed a liquid-filled foam ([Fig. 4C](#F4){ref-type="fig"}), whereas multimaterial core-shell particles formed a multimaterial solid construct ([Fig. 4D](#F4){ref-type="fig"}). Shape-stable constructs could also be formed onto substrates with an arbitrary inclination angle---and even upside-down---as demonstrated by omnidirectional deposition using a handheld IAMF device (fig. S7 and movie S2).

![One-step additive manufacturing and injection molding of 3D multiscale modular (bio)materials.\
(**A**) Modular freeforms with a controlled microarchitecture were manufactured by stacking of shape-stable core-shell particles. (**B** to **D**) A hollow cylinder was formed by deposition of the composite jet onto a rotating substrate. By altering the building blocks' composition, the resulting microarchitecture consisted of (C) a liquid-filled foam or (D) a multimaterial modular solid, where the cross-linker for the core was added to the shell and vice versa. (**E**) To eject a modular filler, only the droplets' cores are solidified in the air, whereas the slower solidifying shells enable seamless filling of the mold. (**F** to **H**) A modular construct was produced by filling a bone-shaped mold. Inset: Hydrogel construct while still in the mold. The 3D multiscale modular material consisted of MSCs (pink), encapsulated in alginate microspheres (green) that are embedded in dextran-tyramine hydrogel (red). (**I**) Injection-molded multiscale modular tissue construct with optimized cellular micro- and macroenvironments. The construct consisted of insulin-producing pancreatic β cells (MIN6; beige with blue nuclei) that were encapsulated in alginate microparticles (green). The cell-laden microparticles were encapsulated within a proangiogenic fibrin network that contained human endothelial and stem cells (pink with blue nuclei). The microenvironments supported MIN6 cell proliferation, whereas the macroenvironment supported the formation of an endothelial cellular network within 7 days of in vitro culture. HUVEC, human umbilical cord endothelial cell. Scale bars, 1 cm (B and F), 5 mm (G), and 100 μm (C, D, H, and I).](aao1175-F4){#F4}

Furthermore, IAMF could be readily used for one-step generation of injectable modular materials by combining rapidly (that is, in-air) solidifying droplet cores and slowly (that is, after injection) solidifying droplet shells, as shown in [Fig. 4E](#F4){ref-type="fig"}. Upon deposition, particles or fibers were lubricated by their still liquid shell that solidifies after the mold has been filled. As an example, we filled a bone-shaped mold with in-air formed particles ([Fig. 4](#F4){ref-type="fig"}, F to H) and released the intact construct after cross-linking. The micro- and mesoscale architectures consisted of stem cells encapsulated by alginate particles that were embedded in a dextran-based hydrogel matrix, respectively ([Fig. 4](#F4){ref-type="fig"}, G and H). Alternative microarchitectures can be readily produced by, for example, tuning the building block's shape into a fiber, as shown in fig. S8.

Bottom-up module-based additive manufacturing has particular relevance for tissue engineering because it is an effective approach to build constructs that mimic the intricate multiscale microarchitecture of native tissues ([@R28]--[@R30]). To investigate IAMF's potential in this regard, we analyzed both the effect of cell encapsulation on particle formation (fig. S9) and the influence of IAMF-based processing on the cells (fig. S10). First, the size and shape of alginate microgels were observed to be robust for concentrations of human mesenchymal stem cells (MSCs) up to 10^6^ cells/ml, and the amount of cells per capsule followed the Poisson distribution (fig. S9) ([@R31]). For higher cell concentrations, the particles became more polydisperse and larger because the jet's breakup was affected by the incorporated cells. Second, the influence of IAMF on the cells was assessed in fig. S10. More than 90% of the MSCs that had been encapsulated using 100-μm nozzles at a rate of 1.2 ml/min remained viable during at least 1 week of in vitro culture, irrespective of the nozzle-collector distance (fig. S10B). When increasing the per-nozzle flow rate to 2 ml/min, the 1-week cell survival remained over 80%. Moreover, the encapsulated MSCs remained functional, as indicated by their maintained adipogenic differentiation capacity (fig. S10C). Building on these promising results, we engineered a multicellular and multimaterial 3D tissue construct, as shown in [Fig. 4L](#F4){ref-type="fig"}. Insulin-producing pancreatic β cells (that is, MIN6) were encapsulated in alginate microparticles that were surrounded by a coculture of human endothelial cells and MSCs embedded in a proangiogenic fibrin gel. Within 1 week, proliferating insulin-positive MIN6 cells formed cell aggregates within the alginate microenvironments, whereas endothelial and stem cells organized into a prevascular network that stained positive for von Willebrand factor and permeated throughout the fibrin gel (fig. S10). Hence, IAMF enables rapid one-step manufacturing of 3D modular cell-laden biomaterials with distinct cellular micro- and macroenvironments of a clinically relevant size, which is a promising yet challenging direction in the field of tissue engineering ([@R29], [@R32]--[@R34]).

DISCUSSION
==========

Here, we presented IAMF, a platform for the rapid production of droplets, particles, and fibers with controlled composition, shape, and size, as demonstrated in [Fig. 3](#F3){ref-type="fig"} (a schematic overview is provided in fig. S11A). The per-nozzle flow rates of IAMF exceed conventional chip-based microfluidics by typically two orders of magnitude. IAMF also omits the need for cleanroom-based chip fabrication and channel wall surface treatments, prevents solidification-induced clogging, and allows oil-free manufacturing of microparticles (for example, microgels) ([@R11]--[@R13], [@R15]). These characteristics facilitate the application of microfluidic technologies in environments that are not readily compatible with microfluidic chips ([@R11]). For example, rapid oil-free production of cell-laden hydrogel particles would benefit cell microencapsulation strategies for in situ use and therefore their clinical translation. Furthermore, IAMF eliminates the need for high voltages or rotating equipment to maintain droplet separation, which are mandatory in existing jet-based methods to produce complex monodisperse suspensions and emulsions (see section S3). This feat is achieved by replacing cross-linking in a collector bath by in-line solidification. Eventually, integration of IAMF with existing jet-based technologies such as fluorescence-activated cell sorters ([@R35]) and liquid sheet--based approaches ([@R36]--[@R38]) may expand the diversity of particle compositions even further.

IAMF also enables additive manufacturing of multiscale and functional materials in one step by controlled in-air solidification of microdroplets and their subsequent deposition onto a substrate. This ability contrasts chip-based microfluidics, which requires a nonsolidifying coflow, as well as current additive manufacturing methods as described in section S4. A wider variety of construct shapes could be achieved by, for example, mounting IAMF nozzles onto automated *xyz* stages, whereas intricate details could be provided by placement of individual droplets by integration with, for example, inkjet printing ([@R26], [@R39], [@R40]). Finally, IAMF combines shape fidelity, high throughput, and cytocompatibility in the additive manufacturing of cell-containing materials. This combination has remained elusive in biofabrication technologies ([@R41]) but is now enabled by decoupling the material properties at the nozzle from those at the substrate. Low-viscosity inks can be used to form shape-stable particles on-the-fly, which can be stacked into larger solid constructs. This low viscosity reduces shear stresses at the nozzle and therefore prevents stress-induced cell death, as discussed in section S4. Finally, IAMF can be adapted to enable handheld device operation, as pioneered in this work. Especially tissue engineers and surgeons may benefit from this ability because current methods for in situ repair of wounds and defects ([@R42]) are expected to benefit from monodisperse modular hydrogel filling strategies.

MATERIALS AND METHODS
=====================

Device preparation and operation
--------------------------------

Liquid jets were ejected from fused silica tubing (IDEX Health & Science) with an outer diameter of 360 μm and inner diameters of 20 ± 1, 50 ± 3, 100 ± 3, 150 ± 5, or 250 ± 5 μm. Because long sections of tubing with small diameters result in a high pressure drop (described by the Darcy-Weisbach equation: $\Delta\mathit{P} = \frac{128}{\pi} \bullet \frac{\mu\mathit{Q}\mathit{L}_{t}}{{\mathit{D}_{t}}^{4}}$, where *Q* is the flow rate, *D*~t~ is the tip inner diameter, and *L*~t~ is the length of the tip), stalling of the syringe pumps was initially observed for the nozzles with diameters of \<100 μm. Therefore, nozzles were cut using a Shortix capillary cutter (SGT) and glued into PEEK tubing (IDEX Health & Science) with a larger inner diameter of 0.5 mm and an outer diameter of 1.59 mm (^1^/~16~ inch) using a quick-set epoxy adhesive (RS 850-956, RS Components Ltd.). The length of these nozzles is 4 ± 1 mm, corresponding to the smallest length that could be manually cut and glued. Their semitransparent end and the transition to the PEEK tubing (in black) are just visible in [Fig. 2A](#F2){ref-type="fig"}. The PEEK tubing was mounted onto a piezoelectric actuator using two-sided tape (3M) and standard optical components (Thorlabs). The piezo was actuated using a 150-V sine wave, and its vibration results in translation of the nozzle tip perpendicular to the flow direction.

When starting up, a few dripping droplets formed at each nozzle before the establishment of steady jets or droplet train. Dripping of alginate from nozzle 1 onto the CaCl~2~-containing nozzle 2 was observed to result in clogging of nozzle 2, especially for the smaller (20 μm) nozzles because these were placed close (\<1 mm) to each other when operating the setup. The diameter of these dripping droplets was approximately 3 mm. Therefore, a horizontal separation of \>3 mm was applied before each experiment; the nozzles were subsequently aligned when stable jets had formed.

The dynamics of jet breakup and impact were continuously monitored with a previously described stroboscopic visualization setup ([@R39]). In short, an Nd:YAG laser with a pulse duration of 6 ns was directed onto a fluorescent diffuser to generate a homogenous background illumination. A camera (PCO Sensicam QE) with a shutter time of 400 ns was synchronized with these flashes to capture high-resolution snapshots of the experiments. The camera was mounted on a separate *xyz* stage to facilitate alignment with the in-air impact location.

Both nozzles (as required for the two jets or droplet trains) were of equal diameter and operated at equal flow rates except for the elongated particle experiments. The velocities of the jets were calculated by volume conservation: $\mathit{Q} = \pi\left( \frac{\mathit{D}}{2} \right)^{2}\mathit{V}$. The respective position of the nozzles was controlled by mounting one of the nozzles onto a 3D stage with 1-μm precision (Thorlabs). In the handheld device, a screw was used to deflect the nozzle tip. For both devices, the jets were aligned by moving one of them in the *z* direction by turning a screw until controlled breakup of both jets was observed with the camera (representative images are shown in fig. S2, G to I). After this calibration, the flow generally remained stable for the duration of the experiment (\~3 min), as monitored with the camera. Over this time scale, 10^5^ to 10^7^ droplets were produced, depending on the nozzles' diameter.

To control the flow rate, a standard syringe pump (type PhD 2000, Harvard Apparatus) and plastic syringes were used (5 or 10 ml; Luer-Lok, BD). A high-power syringe pump (Harvard Apparatus) and steel syringes (9 ml; Luer-Lok, Harvard Apparatus) were used in case excessive pressure drops over the nozzle tip caused the standard syringe pump to stall (that is, mainly for the 20-μm nozzles). Threaded adapters (IDEX Health & Science) were used to connect the syringes to the PEEK tubing in which the nozzle tips were glued as described.

The control parameters are detailed in table S1. To create various materials, three liquids were generally used: Liquid 1 constitutes the jet or droplet train (the core), liquid 2 constitutes the jet (shell), and liquid 3 constitutes the bath (not applicable to printing as shown in [Fig. 4](#F4){ref-type="fig"} and fig. S8). All aqueous solutions were prepared using water, phosphate-buffered saline (PBS), or cell culture medium. The setup was operated at ejection Weber number 10 \< We~ej~ \< 32, for which controlled ejection and breakup were observed. The corresponding impact Weber numbers were typically 3.5 and all below 10. For visualization purposes, \<0.1% of dextran--fluorescein isothiocyanate (2000 kDa; Sigma-Aldrich), rhodamine B dye, or rhodamine B--stained particles (diameter, 500 nm) were added to the ejected liquids.

The surface tension of ethanol-containing CaCl~2~ solutions was measured using the hanging drop method on an optical contact angle measuring system (OCA 15Pro, DataPhysics). The results overlap with previously reported measurements of ethanol/water mixtures within the experimental error (5%), indicating that CaCl~2~ had no significant effect on the surface tension (fig. S12).

Cell Isolation, expansion, and encapsulation
--------------------------------------------

Human MSCs were isolated from fresh bone marrow samples and cultured as previously described. The use of patient material was approved by the local ethical committee of the Medisch Spectrum Twente (Enschede, Netherlands), and informed written consent was obtained for all samples. In short, nucleated cells in the bone marrow aspirates were counted, seeded in tissue culture flasks at a density of 5 × 10^5^ cells/cm^2^, and cultured in MSC proliferation medium, consisting of 10% (v/v) fetal bovine serum (FBS; Sigma-Aldrich), penicillin (100 U/ml) with streptomycin (100 μg/ml) (Gibco), 1% (v/v) GlutaMAX (Gibco), 0.2 mM ascorbic acid (Sigma-Aldrich), and basic fibroblast growth factor (1 ng/ml) (ISOKine bFGF, Neuromics; added fresh) in α-minimum essential medium with nucleosides (Gibco). Cells were cultured under 5% CO~2~ at 37°C, and the medium was replaced two to three times per week. When cell culture reached near-confluence, the cells were detached using 0.25% (w/v) trypsin-EDTA (Gibco) at 37°C and subsequently subcultured or used for experimentation. For cell encapsulation, MSCs were suspended in MSC proliferation medium and mixed with 1% (w/v) sodium alginate (80 to 120 cP; Wako Chemicals) in PBS (Gibco) in a 1:1 ratio. The cell-laden hydrogel precursor solution was loaded into a disposable syringe and connected to the IAMF setup for encapsulation. After encapsulation, cell-laden microgels were cultured in six-well plates (Nunc) with MSC proliferation medium under 5% CO~2~ at 37°C, which was refreshed three times per week. The viability of encapsulated MSCs was analyzed using a live/dead assay (Molecular Probes) following the manufacturer's protocol and visualization using a fluorescence microscope (EVOS FL, Thermo Fisher Scientific). Images were analyzed using ImageJ software, and cell viability was quantified via manual counting. Endothelial cell-laden modular constructs were formed by adding a third jet to the system, which contained fibrin precursor solution and thrombin solution (50 U/ml) (Sigma-Aldrich) that were mixed immediately before jetting using a T-junction. Fibrin precursor solution was prepared by suspending HUVECs and MSCs into endothelial growth medium-2 (EGM-2) without FBS supplemented with fibrinogen (10 mg/ml) (Sigma-Aldrich). Just before producing the constructs, 5% (v/v) FBS was added to the fibrin precursor solution as previously described ([@R43]). After 5-min incubation at room temperature, the constructs were incubated for 20 min at 37°C to complete polymerization, after which a 1:1 mixture of MIN6 proliferation medium and EGM-2 was added on top. The constructs were cultured for 1 week, and the medium was refreshed every 2 to 3 days. The constructs were then fixated using 4% (w/v) formaldehyde (Sigma-Aldrich), permeabilized using 0.1% (v/v) Triton X-100 (Sigma-Aldrich), blocked using 10% (w/v) bovine serum albumin (Sigma-Aldrich), and stained using 1:100 anti-CD31 (AB32457, Abcam) and 1:100 anti-insulin (AB7842, Abcam), in combination with 1:400 Alexa Fluor 488--, tetramethyl rhodamine isothiocyanate (TRITC)--, or Alexa Fluor 647--labeled secondary antibodies, and 4′,6-diamidino-2-phenylindole (DAPI) as counter staining. All staining solutions were prepared using Hanks' balanced salt solution (Sigma-Aldrich), as PBS dissolves the alginate. Alternatively, constructs were impregnated in Cryomatrix (Shandon), cryosectioned (7 μm, Leica cryostat), and stained as described. Subsequent imaging was performed using a fluorescence confocal microscope (Nikon A1+).
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